We present an insert-based approach to fabricate scalable and multiplexable microfluidic devices for 3D cell culture and integration with downstream detection modules. Laser-cut inserts with a layer of electrospun fibers are used as a scaffold for 3D cell culture, with the inserts being easily assembled in a 3D-printed fluidic device for flow-based studies. With this approach, the number and types of cells (on the inserts) in one fluidic device can be customized. Moreover, after an investigation (i.e., stimulation) under flowing conditions, the cell-laden inserts can be removed easily for subsequent studies including imaging and cell lysis. In this paper, we first discuss the fabrication of the device and characterization of the fibrous inserts. Two device designs containing two (channel width = 260 μm) and four (channel width = 180 μm) inserts, respectively, were used for different experiments in this study. Cell adhesion on the inserts with flowing media through the device was tested by culturing endothelial cells. Macrophages were cultured and stimulated under different conditions, the results of which indicate that the fibrous scaffolds under flow conditions result in dramatic effects on the amount and kinetics of TNF-α production (after LPS stimulation). Finally, we show that the cell module can be integrated with a downstream absorbance detection scheme. Overall, this technology represents a new and versatile way to culture cells in a more in vivo fashion for in vitro studies with online detection modules.
Introduction
Microfluidics has emerged as a powerful tool for in vitro cell studies due to some advantages over conventional 2D culture on petri dishes and well plates [1] [2] [3] . In addition to reducing the amount of required media and reagents, a microfluidic device can continuously supply nutrients to cultured cells and remove metabolism waste products [4, 5] . Such microfluidic devices can also be integrated with downstream analytical schemes such as electrochemistry and spectroscopy [6, 7] . Importantly, microfluidics enables precise gradient control of chemicals that may affect the biology of cells [8] . For example, Bennett and colleagues have reported a microfluidic device that allows dynamic gradients of glucose and galactose over Saccharomyces cerevisiae, with which a correlation between gene expression and the gradients was found [9] . Furthermore, the flow feature of a microfluidic device allows introduction of shear stress to cells, which is known to affect the functions of many cell types [10] . A classic example is the study of endothelial cells under physiologically relevant shear stress [11] . However, most of the reported cells-on-a-chip models used cells cultured on a two-dimensional (2D) surface (a monolayer in a reservoir or a channel), which in many cases does not represent the cellular microenvironment in vivo, where many cells grow in a 3D fashion within the network of extracellular matrix (ECM) [12] [13] [14] . Composed of macromolecules such as collagen and polysaccharides, the ECM is a mesh-like structure that plays a role in cell adhesion and cellto-cell interactions [15] . It has been proven that the ECM can affect many important cellular properties and processes such as morphology, growth, migration, and differentiation [16] [17] [18] [19] .
Therefore, to increase the biological relevance of cellson-a-chip devices, 3D cell culture techniques are needed to mimic the ECM environment in vivo. Also, on-chip circulation has been recently studied as an important factor that can affect the biology of cells [10, [20] [21] [22] . Compared with flow-through models, circulation in a microfluidic device can accumulate signal molecules [23] and apply physical factors such as shear stress [10] and blood pressure mimic [21] to the cells, which is especially useful for cross talk investigations between different cell types [20, 22] . 3D cell culture protocols in microfluidic devices have been reported by several groups, most of which rely on embedding cells in a structure of hydrogels [24] . For example, Beebe's group reported a device of parallel channels, where different cells can be immobilized in hydrogels. Cell-free hydrogel structures were designed connecting the channels so that cellular cross talk can occur via molecular diffusion [25] . However, most of the hydrogel devices are diffusion based due to the low-to mid-nanometer pore size of a hydrogel structure [26] , which makes it difficult to circulate flow through the gel.
Numerous studies have shown that electrospun micro/ nanofibers can be a good ECM mimic for in vitro cell studies under static conditions (i.e., in a petri dish) [27] [28] [29] [30] . Our group adopted this technology to design microfluidic devices for 3D cell culture and subsequent investigation. For example, we recently reported a 3D-printed fluidic device with a layer of electrospun fibers directly deposited on the inner wall of a channel, on which macrophages showed increased immune response to flowing lipopolysaccharide (LPS) stimulation compared with those cultured on a flat surface [31] . In this paper, we are presenting a new approach to make a scalable and versatile 3D cell culture microfluidic device. In this setup, fibers are electrospun onto polystyrene sheets, after which, inserts are laser cut to desired dimensions. Cells cultured on the inserts can be simply placed into a 3D-printed device with locking slots. The advantage of this approach is that inserts with desired cell types can be inserted and removed easily from the device, which provides a new way for carrying out cell-to-cell interaction studies (by integrating inserts of different cell types in one device). In addition, one can place multiple inserts of the same type for time point studies. It also enables the control of the amount of cells by increasing the amount of inserts for analytical methods of moderate sensitivity. Specifically, we measured the attachment strength of the fibrous scaffolds on the insert and used a downstream optical module to show integration of detection. Endothelial cells were immobilized on inserts and cultured with flowing media (420 μL/min) for 24 h, the results of which indicated no significant cell loss. Furthermore, we investigated the activation of macrophages on the device with flowing stimulant (LPS). We show that the 3D fibrous scaffolds and the flow component have dramatic effects on the amount and kinetics of TNF-α production.
Experimental

Fabrication of the fluidic devices via 3D printing
A high-resolution 3D printer (Objet Eden 260 V, Stratasys, Ltd., Edina, MN, USA) was used to create the devices used in this study. The material used in this work was called Full Cure 720 (Stratasys Ltd., MN, USA), the composition of which is propriety, but approximately containing 10-30% isobornyl acrylate, 10-30% acrylic monomer, 15-30% acrylate oligomer, and 0.1-1% photo initiator (http://www. stratasys.com/materials/material-safety-data-sheets/polyjet/ transparent-materials). All devices were designed by Autodesk Inventor and saved in a .stl format for the printer to read. The design sketches of the devices used in this work can be found in Figs. S1-S4 in the Electronic Supplementary Material (ESM).
Fabrication of fiber-coated inserts
To make silk fibroin fibers, silk fibroin was first extracted from crude silk as described elsewhere [32] , which was then dissolved in 1,1,1,3,3,3-hexafluoro-2-propanol (HFP) at room temperature at 5% (w/v). After the polymer solution was homogenized on a shaker, it was loaded in a 3-mL syringe fitted with an 18-gauge blunt-tip syringe needle (Cole-Parmer, IL, USA). An alligator clip was attached to the needle and connected to a 25-kV supply. A piece of 12-cm × 10-cm polystyrene sheet (300 μm thick; ShrinkyDinks) was backed by aluminum foil, which was grounded as the fiber collector. Once started, the grounded collector was placed~25 cm away from the syringe needle and the silk fibroin solution was driven by a syringe pump at a flow rate of 16 μL/min. Fibers can then be produced by the high voltage and be collected on the polystyrene (PS) sheet. After 2 h of electrospinning, a layer of silk fibroin fibers~100 μm thick was collected. The fibrous sheet was then placed in the chamber of a laser cutter (Epilog Laser, CO, USA) to obtain the rectangular inserts (15 mm × 3.5 mm). The speed, power, and frequency parameters of the lasercutting process are 100%, 9%, and 5000, respectively. The inserts were stored in a 10-mm petri dish to avoid dust contamination.
To make PS fibers on inserts, PS pellets (192 kDa; SigmaAldrich, MO, USA) were dissolved in a mixture of 60% dimethylformamide and 40% tetrahydrofuran to make a 15% (w/v) solution, which was homogenized on a shaker overnight. Then, a similar protocol was used to prepare PS fibrous inserts as described above. To make polycaprolactone (PCL) fibers on inserts, PCL pellets (80 kDa; Sigma-Aldrich, MO, USA) were dissolved in 1,1,1,3,3,3-hexafluoro-2-propanol (HFP) to make a 12% (w/v) solution. After the solution was homogenized on a shaker, the same electrospinning and laser-cutting protocols were followed to obtain PCL fibrous inserts.
Fiber attachment studies
Adhesion of the fibers was tested by exposing the inserts to N 2 flow. Each row of 30 inserts was held under 10 psi N 2 pressure, and the weight of the inserts and remaining fibers was recorded at 10-s increments. After a total of 60 s, the remaining fibers were removed using a tissue. Compressed air was used to remove any dust that remained from the fibers or wipes before the empty inserts were massed. No water or ethanol was used on the inserts that would affect the weight. The difference between the masses of the bare PS sheets and the fiber-coated sheets taken at each time point was used to calculate fiber loss over time. To visualize the sintering of the fibers, the edges of the fibers were imaged (SEM). Inserts were sputter coated with gold for 30 s and SEM images were obtained.
Endothelial cell immobilization studies
PS inserts coated with electrospun PS were sprayed with 70% ethanol and placed under UV light for at least 24 h for sterilization. A piece of double-sided tape was placed in the bottom of a 40-mm petri dish and placed under UV. The inserts were then secured to the bottom. A confluent 100-mm-diameter petri dish of bovine pulmonary artery endothelial cells (Millipore-Sigma) was detached by trypsin, which was then centrifuged and re-suspended in 600 μL of fresh warm media (DMEM with 7.5% FBS, 2.5% ABS, and 1% pen-strep). The cell suspension (~8 × 10 6 cells in 600 μL) was dropped onto each insert and incubated for~2 h, after which 5 mL of fresh warm media was added to the petri dish and incubated for 24 h. The media was removed and the inserts were placed into the slots in the fluidic device with tweezers and immediately connected to a peristaltic pump via a 3D-printed threaded tubing fitting. The peristaltic pump circulated media through the devices while in the incubator at 420 μL/min for 24 h. After 24 h, the inserts were removed from fluidic device, fixed with 2.5% glutaraldehyde in PBS for 30 min in the incubator, rinsed three times with PBS, incubated with the staining solution for 30 min (1 mL of PBS with two drops of Actin Red 555), rinsed three times with PBS, and stored in fresh PBS until confocal imaging was done (within 2 h of staining).
Macrophage culture on the inserts
Inserts coated with silk fibroin fibers (on the PS sheet) were used to culture macrophages. The inserts were first immobilized on the bottom of a 40-mm-diameter petri dish using double-sided tape, sprayed with 70% ethanol, and dried in UV for at least 2 h for sterilization. When macrophages (RAW 264.7; ATCC) cultured in regular 100-mm petri dishes were confluent, the cells were scraped off and centrifuged at 500 rpm. The cell pellet was re-suspended in 4 mL fresh media (DMEM with 10% FBS and 1% pen-strep) and transferred to a petri dish containing eight different inserts (4 mL of a~2 million cells/mL solution was added to the dish). The petri dish was placed in an incubator (37°C, 5% CO 2 ) for 24 h without disturbance, after which, the inserts were removed for subsequent experiments or media was changed for longer cell culture on the inserts. Flat inserts were also prepared as a control by coating a layer of silk fibroin solution on the PS sheet followed by air-drying. The same sterilization and cellseeding procedures were followed for macrophage culture on the flat inserts.
Macrophage stimulation and cytokine quantitation
Lipopolysaccharide (LPS), a commonly used molecule to stimulate macrophages [33] , was used to stimulate immune responses of macrophages. A stock LPS solution was prepared by dissolving LPS powder (Sigma-Aldrich, MO, USA) in PBS at 100 μg/mL. Upon using, the stock solution was diluted by × 100 in cell culture DMEM media to a final concentration of 1 μg/mL. In a sterile cell hood, four inserts cultured with the macrophages were placed into the predesigned slots in the 3D-printed fluidic device. For macrophage stimulation under flowing conditions, the assembled device was first connected to Tygon tubing (0.02″ i.d., 0.06″ o.d.) using customized 3D-printed connectors. The loop was then placed in a sterile test tube preloaded with 2 mL of the LPS containing DMEM media. This setup was placed in a cell culture incubator (37°C, 5% CO 2 ) with the middle section of the Tygon tubing fed into the peristaltic pump on the benchtop. The media was then circulated through the cells immobilized on inserts at 1 mL/min. After 1, 2, 4, 6, 8, 10, 12, and 24 h stimulation, an aliquot of 50 μL of the media was sampled and stored immediately at − 20°C, after which 50 μL of fresh media was added to keep the total volume constant. For static macrophage simulation, a fluidic device with cellladen inserts was soaked in 2 mL of LPS containing media in a test tube, after which the same sampling process was conducted. The TNF-α in the samples was measured with ELISA (PeproTech, NJ, USA) following the manufacturer's instructions. Briefly, a 96-well plate was prepared by immobilizing the capture antibody on the bottom of each well overnight. After loading standards and samples and subsequent rinsing, the detection antibody (biotinylated) was added. Streptavidinhorseradish peroxidase (HRP) conjugate was then added to link to the detection antibody. Lastly, 100 μL 3,3′,5,5′-tetramethylbenzidine (TMB) liquid substrate was added to each well, which turns blue as the HRP conjugate (with subseq uen t ab sorb anc e rea ding s i n a plate rea der, MolecularDevices, CA, USA). Four conditions were measured: macrophages on fibrous scaffold + flowing LPS stimulation, macrophages on fibrous scaffold + static LPS stimulation, macrophages on flat surface + flowing LPS stimulation, and macrophages on flat surface + static LPS stimulation. The measured TNF-α value for each device was divided by the specific cell count in the device, and a final result of TNF-α release per cell was reported.
After a 24-h stimulation, the inserts from each cell module were easily removed with a pair of tweezers, and immersed in 500 μL of deionized (DI) water to lyse the cells for 2 h. The lysate was then used to quantitate the amount of DNA using the Hoechst fluorescence assay as a measure of cell count [34] . The 10 mg/mL stock Hoechst solution (Sigma-Aldrich, MO, USA) was diluted in TNE buffer (50 mM Tris-HCl, 100 mM NaCl, 0.1 mM EDTA, pH = 7.4) to a final concentration of 20 μg/mL. An aliquot of 200 μL of the cell lysate was pipetted into a well of a 96-well pate, followed by addition of 50 μL of the prepared Hoescht assay. Fluorescence was detected at 460 nm (with 350 nm excitation) by a plate reader (MolecularDevices, CA, USA). Standards were prepared by lysing 0, 2, 5, 10, and 20 thousand cells in DI water for a calibration curve.
PDMS-based absorbance detection module
A U-shaped channel structure was 3D printed with acrylonitrile butadiene styrene (ABS). The design of this structure can be found in Fig. S5 in the ESM. This structure was immersed in a mixture of polymer polydimethylsiloxane (PDMS) prepolymer and the curing reagent (10:1). After the PDMS cured, the whole piece was soaked in acetone in a closed container for about 5 h, after which the ABS part was dissolved and a channel was formed in the PDMS (process depicted in Fig. S7 in the ESM).
The 3D-printed fluidic device that can house inserts was connected to a commercially available mixing tee using Tygon tubing and customized adaptors. The side arm of the mixing tee was connected to a syringe loaded with Griess reagent. Eluent from the fluidic device and the Griess reagent was combined in the mixing tee, which was then pumped through the PDMS detector. Two optical fibers were immobilized in the fabricated holes on both sides of the channel. One optical fiber was connected to a tungsten lamp while the other was connected to a modular spectrometer (OceanOptics, FL, USA). The detector uses a photodiode array to detect a whole spectrum between 400 and 1000 nm. For NO 2 − detection, an absorbance wavelength of 530 nm was used. Due to possible fluctuation of the light source, a reference wavelength of 650 nm (no absorbance at this wavelength) was utilized. The absorbance difference between the two wavelengths (A 530 − A 650 ) was used for subsequent quantitation. NO 2 − standards of 0, 2, 5, 10, and 20 μM were first pumped through the setup to generate a calibration curve.
Cells cultured on both fibrous and flat inserts were studied. Phenol red-free media that contained 1 μg/mL LPS was pumped through the fluidic device containing cell-laden inserts at 15 μL/min, which was then mixed with the Griess reagent at the mixing tee and then introduced into the absorbance detection module for real-time absorbance detection.
Results and discussion
In this work, we developed a new approach to make a scalable and multiplexable 3D cell culture microfluidic device. As shown in Fig. 1 , fibers are first electrospun onto polystyrene sheets, after which inserts are laser cut into desired dimensions (for this study, 15 × 3-mm inserts with~100-μm-thick fibrous scaffolds). Cells statically cultured on the inserts can be simply inserted into a 3D-printed device with locking slots for dynamic culture and stimulation with downstream detection modules. This new approach has several unique advantages: (i) 3D cell culture: The fibrous scaffolds coated on the inserts can serve as a mimic of ECM.
(ii) Scalability: The number of inserts (cells) can be increased to suit the limit of detection (LOD) of a certain downstream detection scheme, or be decreased when it is costly and time consuming to culture a certain cell line. After flow-based stimulation, the inserts can also be easily removed for subsequent studies such as reseeding, imaging, and DNA extraction. (iii) Multiplexing: Although it is not included in this manuscript, different cell types cultured on different inserts can be integrated in one fluidic device for cell-to-cell studies. (iv) Adjustable channel size: The space between adjacent inserts re-defines the effective channel size. 3D printing enables various distances between slots where the inserts will slide into and thus various effective channel sizes. This is especially useful for studies where shear stress needs to be tuned.
Fiber attachment characterization
The laser-cutting process used in the protocol not only generates inserts of desired size but also sinters the edges of the fibrous layer, increasing the adhesion between the substrate and fibers. To evaluate how the laser may assist fiber attachment on a substrate, we conducted an N 2 blowing experiment and tested the amount of fiber loss by mass. Briefly, an N 2 flow (10 psi, directed through a 510-μm-diameter pipet tip orifice that was placed~3 cm from the insert) was applied to the fibers on an insert (laser cut or scissor cut) for different time durations. The mass difference from before and after the experiment was used to reflect the amount of lost fibers. Because PS and silk fibroin fibers were mainly used for the cell culture studies here, attachment of those fibers on PS substrate were first measured. Transparency films (made of cellulose acetate) can also be used as substrate for the fibrous inserts and subsequent cell culture. We also tested the fibers coated on the transparency film. Figure 2a is the SEM image of the edge of a laser-cut insert, which clearly shows that the fibers were sintered on the substrate. For a scissor-cut insert, the fibers seem like a separate layer on a substrate (SEM image shown in Fig. 2b ). To make a more quantitative comparison, the fiber loss for both scissorcut and laser-cut inserts as a function of air bellowing time was plotted (Fig. 2c, d) . Overall, the N 2 flow caused fiber loss on both kinds of inserts (as would be expected by high pressure used). However, with laser cutting, the fiber loss is significantly less than that with a regular scissor cutting during the 60-s N 2 blowing. For example, for the first 20 s, about 90% of the PS fibers were still on the PS substrate for laser-cut inserts while only about 40% of the fibers were remaining on scissor-cut inserts (p < 0.03). After 60 s of blowing, the laser sintering kept more than 50% of the fibers on the inserts. Without the laser sintering, however, only less than 10% of the fibers were still on the substrate (p < 0.02). Other fiber material/substrate material combinations were also tested, the results of which are summarized in Fig. S5 in the ESM. Clearly, the use of a laser cutter to form the inserts leads to a more stable 3D scaffold, which is important for the introduction of continuous flow over the scaffold/inserts.
Cell attachment with flow
In order to evaluate the biocompatibility of endothelial cells on the fibrous inserts under flowing conditions, endothelial cells were introduced to PS fibers and cell attachment as well as cell penetration through the scaffold was tested. The main purpose of this experiment was not to create a monolayer endothelium mimic. We acknowledge that it is ideal for endothelial cells to form a confluent layer; here, we use this adherent cell line to characterize the 3D nature of these inserts/ scaffolds. We commonly use this endothelial cell line in our laboratory so it is readily available. The fibrous scaffold used for this study consisted of 15% PS in DMF electrospun for 20 min at a voltage of 25 kVand the polymer solution pumped at 0.8 mL/h. These parameters created a scaffold with 12.8 ± 2-μm pores (calculated by average diameter, n = 50 pores). These relatively large pores allow trypsinized endothelial cells (average diameter 3.5 ± 0.8 μm for the cells used in this study) to penetrate through the scaffold and adhere throughout. Once adhered on fibers, endothelial cells have an average diameter of 6.1 ± 1.0 μm in static conditions (n = 50). As shown in Fig. 4a , the percent area of the confocal image occupied by endothelial cells was determined at various planes through the z-axis, the top, 20 μm, and 40 μm into the scaffold. The cells' coverage was determined to be 10, 8, and 6% of the total area (775 μm × 775 μm), respectively. The effects of flow on the endothelial cells were tested. The inserts with immobilized cells that were placed into the fluidic device as seen in Fig. 3 and a 3D-printed fitting for tubing were connected. The cells on fibers were subject to flow for 24 h using a peristaltic pump that circulated media at a rate of 420 μL/min. Figure 4b shows another confocal micrograph of the cells on the surface of PSfiber-coated inserts after being subject to 24 h of flow, indicating that the cells still adhere to the fibers after exposure to flow. It is important to note that once the cells elongate, as Fig. 1 Schematic showing the process of creating an insertbased microfluidic device for 3D cell culture that can be easily scaled and multiplexed. Fibers are directly electro-/blow spun onto a polystyrene film and subsequently laser cut into inserts. The fused edges aid in fiber adherence on the polystyrene film. After cells are seeded on the fibrous scaffolds, they can be easily assembled in a 3D-printed fluidic vessel that can be connected to downstream analytical modules seen in Fig. 4b , they have an average length of 26.3 ± 4.0 μm, which is larger than the average pore size.
Macrophage studies on the device
Upon stimulation, macrophages can change phenotypes to execute different functions. Unstimulated macrophages are designated as an M0 state [35] . M0s can be activated to an M1 phenotype (pro-inflammatory state), which can produce various pro-inflammatory cytokines (i.e., TNF-α) to effectively remove necrotic cells or debris. M2 is another phenotype of activated macrophages, which produces increased pro-healing cytokines such as vascular endothelial growth factor (VEGF) [36] . Interaction of activated macrophages with other cell types has been found to be related to many diseases such as atherosclerosis and cancer [37, 38] . Therefore, a microfluidicbased investigation of the activation of macrophages that yields clinically relevant results would be of great interest to the medical field. We have recently reported that macrophages cultured on polycaprolactone (PCL) fibers directly coated on the inner wall of a fluidic device can release more cytokines than those cultured on a flat surface [31] . However, the activation speed of macrophages (i.e., M0 to M1), which determines how fast the immunological responses will take place, has not been studied in a microfluidic device (to our knowledge). It has been reported that macrophages in vivo can transition to the M1 state within 1 h after being stimulated by LPS [39] , while those cultured in vitro with culture flasks can take much longer to do so. To investigate if fibrous scaffolds and flow can cause macrophage activation at a more in vivo-like rate, we used the fluidic device with four inserts as shown in Fig. 5a . Cells were first cultured on the inserts in a petri dish with fresh DMEM media. Before integrating the cell-laden inserts into the device, a sample insert can be examined to ensure normal cell morphology and confluency. As shown in Fig. 5b , c, macrophages cultured on the fibrous ECM analogue (made of silk fibroin) can fuse to form giant cells as they do in vivo [40] .
To study the macrophage activation under a flowing conditions, macrophages were cultured on both fibrous and flat inserts and assembled in separate fluidic devices. Each assembled device was configured in a loop using a 3D-printed adapter and Tygon tubing, through which 2 mL of media with 1 μg/mL LPS was circulated at 1 mL/min to stimulate the cells (Fig. 1). After 1, 2, 4, 6, 8, 10, 12 , and 24 h of stimulation, an aliquot of 50 μL of the stimulating solution was sampled, followed by adding 50 μL of fresh media (with LPS) back to the circulation. The cytokine TNF-α (M1 marker) in the samples was measured using ELISA kits. As a control, the cells cultured on flat inserts were also prepared and stimulated. Because different devices may have different amounts of cells cultured, it was necessary to count the cells in each device so that the final results can be normalized to cytokine release per cell. The removable inserts of the device design allow an easy way to conduct this measurement. After the stimulation, the inserts in a device were removed with tweezers and the cells Fig. 2 Characterization of fiber attachment on laser-cut and scissor-cut inserts. a An SEM image of the fused edge of a lasercut insert. It shows that the fiber layer and the substrate are sintered together by the laser. b An SEM image of polystyrene fibers electrospun on polystyrene, scissor cut (× 800, 15°to normal). The edge shows that the fiber layer was not immobilized strongly on the substrate. c Detachment of PS fibers from a PS substrate. With 10 psi air blowing for up to 60 s, fibers on laser-cut inserts show a higher fiber remaining rate. In comparison, more fibers were lost on a scissor-cut insert. d Detachment of silk fibroin fibers from a PS substrate. The same trends can be seen in c. Other fiber material/ substrate material combinations were also studied, the results of which are in Fig. S5 in the ESM were lysed. The Hoechst assay was then used to quantitate the DNA amount in the lysate as a measurement of cell count [34] . To study the macrophage activation under a static condition, a fluidic device containing 3D or 2D cell-laden inserts Fig. 3 A two-insert configuration that was used for endothelial cell culture and studies. a A 3D-printed fluidic module with parallel slots along the channel for insert placement. b An SEM cross section of two inserts with fibers integrated into the fluidic device. c A magnified view of the two fibrous inserts. In this application, a distance of 260 μm between the inserts was used although a customized distance can be achieved within the resolution of a 3D printer was soaked (no flow) in 2 mL media that contains 1 μg/mL LPS, respectively, and the same sampling and quantitation procedures were followed.
Chensue and colleagues once reported that after LPS stimulation, TNF-α production in vivo was maximal after 1 h of LPS stimulation, which then decayed because of scavenging by receptor cells [39] . With our device, TNF-α release from macrophages cultured on the 3D scaffold (blue solid line in Fig. 6 ) increased immediately after 1 h of LPS stimulation, which then quickly plateaued. The cells cultured on a flat insert, however, released TNF-α in a slower fashion (red solid line), with the plateau not showing until 6-8 h of stimulation. Because there were no TNF-α-scavenging cells in our system, the TNF-α accumulated and eventually leveled out at a steady state. However, by comparing the activation speed, it is apparent that the fused macrophages on the 3D scaffold can more closely mimic the in vivo M0/M1 transition speed. For the static stimulation (no flow) controls, cells cultured on the 3D scaffolds (blue dashed line) were also activated quicker than those cultured on 2D surfaces (red dashed line). However, the overall release of TNF-α in a static condition was lower than in the flowing condition. There has been evidence showing that certain molecules produced by activated macrophages can inhibit TNF-α production as a feedback [41] . Therefore, one possible reason for the difference between the flowing and Literature results indicate that after LPS administration, TNF-α release in vivo reaches the maximum within 1 h. These results suggest that macrophages cultured on a fibrous scaffold can mimic in vivo immune response speed more realistically than those on flat surfaces. Static LPS stimulation of macrophages (on fibrous and flat surfaces, dashed blue and red lines, respectively) was also quantitated. A difference in activation speed was also observed with these conditions. However, the overall TNF-α release was less than macrophages stimulated under flow static stimulation is that the flowing media acts as a continuous clearing mechanism to remove (dilute) macrophagederived molecules accumulated around the cells. These results also show that cells cultured on fibrous scaffolds can release more TNF-α at the plateau stage. Garg and colleagues have studied macrophage activation by taking measurements after 1 and 3 days of LPS stimulation. They found that a more fibrous scaffold can increase the expression of both M1 and M2 markers in macrophages [42] .
This macrophage study proves that the new device design represents a versatile and powerful way for in vitro cell studies. Cells cultured on different substrates (i.e., 3D vs. 2D) can be examined before being combined on a microfluidic device. Although our study used four inserts of one cell type in a device, the amount of inserts and the types of cells can be easily multiplexed. More importantly, after cellular stimulation, the inserts can be removed by tweezers for morphology observation and lysis studies. We also proved that the following stimulation can affect the biology of the macrophages as compared to static culture.
Integration of detection module
We and others have previously shown that 3D-printed microfluidic devices can be made with threads for connection with tubing [43, 44] . We used this advantage to integrate downstream detection modules with the insert-based cell culture device. With this new approach, once assembled in the fluidic device, the inserts and scaffold redefine the width and height of a fluidic channel (Fig. 3) . The images in Fig. 3b, c show that an insert can be immobilized in the slots tightly. Using ImageJ, the area of the space not occupied by the inserts was determined as well as the area of the center channel in between the inserts. The inserts occupy 73% of the total open space in the device (once inserted). The average total available space for fluid to fill the device is 0.52 mm 2 , with 38% of the available space being the channel in between the inserts (see ESM Fig. S6) .
With a modular approach, absorbance detection can be easily integrated with the cell culture device. This was added by creation of a transparent PDMS device using a 3D-printed sacrificial mold, which can be connected to the macrophage module for downstream NO 2 − quantitation using visible absorbance detection. LPS-simulated macrophages can produce nitric oxide (NO) [45] , which is oxidized to NO 2 − within a few seconds [46] . Therefore, by monitoring the amount of NO 2 − , the activation of macrophages can be measured. The Griess reagent has been widely used for NO 2 − quantitation; it reacts with NO 2 − to form a pink product with maximum absorption at 530 nm [47] . Figure S7 (see ESM) shows the fabrication process of the PDMS device. Briefly, a U-shaped part was 3D printed with acrylonitrile butadiene styrene (ABS), which was then immersed in a mixture of PDMS pre-polymer and the curing reagent. After the PDMS is cured, the whole device was soaked in acetone so that the ABS part dissolved and a void channel can be fabricated. Compared to clean room Fig. 7 Analytical module for nitrite quantitation downstream of the cell culture module. a Eluent from the cell module was mixed with Griess reagent in the mixing tee, which was then flowing through the U-shaped channel in the PDMS device. The two holes on both sides of the channel immobilize optical fibers connected to a tungsten lamp and a spectrometer, respectively. b Nitrite standards were pumped through the cell module device (without cells) to generate a calibration curve. An elevated absorption reading can be observed as nitrite concentration increases. The absorption values on each plateau were averaged and plotted vs. the concentrations (inset). c Macrophages cultured on fibrous or flat inserts were stimulated by LPS-containing media (phenol red free). Nitrite was quantitated downstream for 50 min. For macrophages cultured on fibrous scaffold, a significant amount of nitrite was detected after 20 min, which then maintained on a higher level. Macrophages cultured on a flat surface, however, did not show significant nitrite production during the 50 min. A control (blank) where LPS media was flowed through a cell-free insert showed no detectable signal at any of the time points lithography, this method is simpler and enables fabrication of fully enclosed channels without a sealing step. We made a single U-shaped channel (1 mm diameter; 1 cm long) in the device, but more complicated and intricate structures should be possible. Upon using, two optical fibers were inserted into the pre-molded void spaces outside both ends of the channel using plastic sleeves (Fig. 7a ). An optical fiber connected to a tungsten lamp for incident light was placed at one end of the channel, while another fiber was placed at the other end of the channel, coupling to a modular spectrometer for real-time absorbance detection. To make a calibration curve, a mixing tee was used to mix NO 2 − standards and the Griess reagent before they were delivered into the channel. Figure 7b shows initial results for online detection of NO 2 − of 0, 2, 5, 10, and 20 μM, with a calculated LOD of 0.3 μM. Next, a device that contained macrophage-laden inserts (fibrous or flat) was connected to the PDMS-based absorbance detector module. The eluent from the cell module was also mixed with Griess reagent online while being pumped through the detector. The amount of NO 2 − after 0, 10, 20, 30, 40, and 50 min of LPS stimulation was quantitated. As shown in Fig. 7c , for macrophages cultured on 3D fibrous scaffold, after 20 min stimulation, a significant amount of NO 2 − was detected. For cells cultured on a 2D flat surface, however, during the 50-min experiment, there was no significant production of NO 2 − .
These results further confirm that macrophages on fibrous scaffolds can be activated faster by LPS than those on a flat surface. However, with this analytical module, we could detect the macrophage activation at a higher temporal resolution (in this work, 2 pts./min; only specific time points are averaged and shown in Fig. 7c ), which is not very practical by offline sampling (i.e., pipetting sample, etc).
Conclusion
In this work, we present a new approach to assemble a scalable and multiplexable microfluidic device for 3D cell culture and studies. The assembled device contains two main parts: removable fibrous inserts and a 3D-printed fluidic device. The inserts were cut into rectangular strips by laser cutting, which also helps immobilize (sinter) the fibers on the PS substrate.
The fluidic device has pre-designed locking slots along the channel, in which the inserts can be integrated and immobilized. The number of inserts and the distance between adjacent inserts can be customized by changing the designs of the locking slots in the 3D-printed fluidic device. For example, in this work, we applied a two-insert model (distance between inserts = 360 μm) and a four-insert model (distance between inserts = 180 μm). Endothelial cells were then cultured on the fibrous inserts and integrated in the fluidic device. After circulating media for 24 h at 420 μL/min, the endothelial cells were still adhered to the fibers. Finally, a device containing four inserts was used for macrophage activation studies. It was found that macrophages cultured on fibers made of silk fibroin can be polarized to the M1 state by LPS at a more in vivo like manner than those cultured on flat surfaces. 3D printing enables the fabrication of a connection mechanism such as threads so that a customized analytical device can be connected to the cell culture device for online detection.
